Monitoring the binding affinities and kinetics of protein interactions is important in clinical diagnostics and drug development because such information is used to identify new therapeutic candidates. Surface plasmon resonance is at present the standard method used for such analysis, but this is limited by low sensitivity and low-throughput analysis. Here, we show that silicon nanowire field-effect transistors can be used as biosensors to measure protein-ligand binding affinities and kinetics with sensitivities down to femtomolar concentrations. Based on this sensing mechanism, we develop an analytical model to calibrate the sensor response and quantify the molecular binding affinities of two representative protein-ligand binding pairs. The rate constant of the association and dissociation of the protein-ligand pair is determined by monitoring the reaction kinetics, demonstrating that silicon nanowire field-effect transistors can be readily used as high-throughput biosensors to quantify protein interactions. . At present, the most successful surface-based affinity biosensor is surface plasmon resonance 6 . However, surface plasmon resonance has a detection limit for small molecular weights (typically less than 2,000 g mol 21 ) and also requires integration with optical components, significantly increasing the cost of operation and causing difficulties in carrying out high-throughput analyses. In contrast, silicon nanowires configured as field-effect transistors (Si-NW FETs) can directly translate the analyte-surface interaction into an electrical signal to provide real-time ultrasensitive highthroughput detection of the desired biomolecules, without the requirement for any labels 7, 8 . In the past decade, Si-NW FET biosensors have been used to detect a variety of biomolecular interactions with sensitivities below picomolar concentrations 9,10 . However, most of this research has been focused on reducing the detection limit, with little effort expended on quantifying the responsespecifically the binding affinities 11, 12 and kinetic data 13, 14 -of these interactions.
U nderstanding proteins interactions is key to unravelling their roles in cellular function. Information about these interactions improves our understanding of diseases and can provide the basis for new therapeutic protocols 1 . Affinity biosensors have been developed to analyse ligand-protein or protein-protein interactions, such as those found when antibodies or DNA selectively bind to their corresponding analyte to form a complex. A real-time transduction of this interaction by a sensor device gives detailed information on binding affinities 2 and offers a useful tool for disease diagnosis 3 , genetic screening 4 and drug discovery 5 . At present, the most successful surface-based affinity biosensor is surface plasmon resonance 6 . However, surface plasmon resonance has a detection limit for small molecular weights (typically less than 2,000 g mol 21 ) and also requires integration with optical components, significantly increasing the cost of operation and causing difficulties in carrying out high-throughput analyses. In contrast, silicon nanowires configured as field-effect transistors (Si-NW FETs) can directly translate the analyte-surface interaction into an electrical signal to provide real-time ultrasensitive highthroughput detection of the desired biomolecules, without the requirement for any labels 7, 8 . In the past decade, Si-NW FET biosensors have been used to detect a variety of biomolecular interactions with sensitivities below picomolar concentrations 9, 10 . However, most of this research has been focused on reducing the detection limit, with little effort expended on quantifying the responsespecifically the binding affinities 11, 12 and kinetic data 13, 14 -of these interactions.
Here, we show that Si-NW FETs can be used as affinity biosensors to effectively determine the affinities and kinetics of two representative protein-receptor binding pairs: (i) the high mobility group box 1 (HMGB1) proteins and DNA and (ii) biotin and streptavidin. The components of the HMGB1-DNA pair have a relatively low affinity for one another and demonstrate slow association/dissociation kinetics 15, 16 , whereas the biotinstreptavidin pair is known to be the strongest binding pair and has very fast association kinetics 17 . We show that by monitoring the kinetics in real time, the on/off rate constants and equilibrium binding constant for protein-receptor interactions can be determined.
Device calibration and analytical models
To account for sensor variations (including surface functionalization 18 ), a calibration scheme must be developed to compare the sensing results across devices. In this work, we used device solution transconductance (g m = (∂I ds )/(∂V g,sol )| V ds ) to normalize the sensor responses 19, 20 . This calibration was combined with Langmuir isotherms to form an analytical model (equation (1) ) that could be used to determine the molecular binding affinities 21 . The device threshold voltage shift DV T can be expressed as
where q A is the electric charge contributed by the adsorbed analytes, K D is the equilibrium (dissociation) constant, C 0 is the analyte/channel capacitive coupling, and [A] and [B] max represent the concentrations of analytes in bulk solution and the maximum surface density of functional binding sites on the Si-NW, respectively (Fig. 1a) . The g m of the device can be determined easily by measuring the I ds -V g characteristics for each device without performing actual sensing experiments (g m = ∂I d /∂V g ). Thus, DI ds /g m is no longer a function of the device performance, and depends only on the number of molecules adsorbed, as described by the Langmuir isotherm. From equation (1) it can be seen that (q A /C 0 )[B] max and K D represent the maximum sensor response and affinity properties of the biomolecule interactions, and that both can be derived through sensing measurements for a series of analyte concentrations [A] . Because these sensors give real-time data, both binding constants and rate constants can be determined from the same data set (Fig. 1b) . A transport-reaction, two-compartment model ( Supplementary Fig. S1 ) was used to analyse the kinetic data 22, 23 :
where [A] and [A] s represent the analyte bulk and surface concentration, [AB] is the surface density of adsorbed analyte molecules, V is the volume of the inner compartment (reaction zone), S is the area of the sensor, and k 1 , k 21 and k M are the association, dissociation and effective transport rate constants, respectively. These can be determined by fitting the temporal binding curve with the kinetic model. In practice, differential equations (2a-c) can be simplified under certain conditions to obtain analytical solutions or can be solved by numerical integration.
Si-NW FET biosensor set-up Figure 1a shows the Si-NW FET biosensor set-up, in which the sensing element is a functionalized silicon 'nanoribbon' with a solution gate (variable voltage for device characterization and fixed voltage to set the operating point while performing sensing measurements), which has been shown to have a sensitivity approaching that of a one-dimensional Si-NW, extending into the femtomolar range for the detection of biotin-streptavidin binding 24 . However, most biomolecular interactions of interest have a lower affinity than the biotin-streptavidin system. To obtain kinetic data within an acceptable time, a higher concentration of analyte is normally desired (because low concentrations of analyte-less than picomolar-may take hours to days) 25 . In such cases, the absolute amount of analyte is always greater than the available binding sites on the sensor surface. Additionally, to obtain real binding kinetics, a fast mixing rate is optimal to reduce the influence of mass transport.
To maximize the sensor response, the buffer ionic concentration should be adjusted to ensure that the absorbed analyte is well within the Debye screening length 26, 27 . In our sensing measurements, diluted organic buffers with low ionic strength (1 mM HEPES, pH 7.4, l debye ≈ 10 nm) were used.
HMGB1-DNA binding
To validate our Si-NW based affinity biosensor we considered the protein-ligand binding pair HMGB1-DNA. HMGB1 is an abundant vertebrate nuclear protein that binds preferentially to distorted DNA 28, 29 . Previous studies have demonstrated that HMGB1-DNA binding has typical dissociation constants (K D ) in the range 10 27 -10 28 M (refs 30,31). HMGB1 can be covalently bound as a ligand through amine coupling onto isothiocyanatefunctionalized Si-NWs. The positively charged HMGB1 coupling to the Si-NW can be monitored by the device response, and we found that 10 min incubation time was sufficient for immobilization ( Supplementary Fig. S4 ).
After HMGB1 immobilization, different concentrations of DNA were used to bind with the HMGB1. Between each binding-unbinding cycle, NaCl solution was injected to completely disrupt the HMGB1-DNA complex and regenerate the sensor surface 32 . When the analytes bind to the receptors, the change in conductance in the Si-NWs is detected by the FET. Protein interactions, which are reversible, can be described as a reversed reaction (left bottom) with an association rate constant k 1 and dissociation rate constant k 21 . b, Typical schematic binding cycle for measurements obtained using the Si-NW FET biosensor. At t ¼ 100 s, a solution of analyte in the flowing buffer is passed over the receptor. As the analyte binds to the surface, the charges of the analytes cause a change in the current signal. Analysis of this part of the binding curve gives the apparent association rate. If the concentration of the analyte is known, then the association rate constant of the interaction (k 1 ) can be determined. At equilibrium, the amount of analyte associating and dissociating with the receptor is equal. The response level at equilibrium is related to the concentration of active analyte in the sample. At t ¼ 350 s, the analyte solution is replaced by pure buffer and the receptor-analyte complex is allowed to dissociate. Analysis of these data gives the dissociation rate constant k 21 for the interaction. Introduction of a regeneration solution (for example, high salt, low pH) is used at t ¼ 460 s to disrupt binding and regenerate the free receptor. Figure 2a shows a typical static I ds -V g curve from the HMGB1-immobilized Si-NW FET before and after exposure to a solution of 300 nM DNA. We calculated the transconductance, g m , by linear fitting of the I-V curve and found the change in g m to be very small (,3%), and the change in the I ds -V g characteristics after DNA binding could be described as a parallel (threshold voltage) shift of 202 mV. After DNA desorption and NaCl regeneration, I ds -V g measurements were taken again to make a comparison with the original curve. Again, the change in g m was very small and the I ds -V g shifted back, almost to the original state, demonstrating the successful regeneration of the sensor surface and the stability of our devices. These observations were reproduced consistently for a large number of devices. Because g m can be regarded as a constant within our measuring range, DI ds /g m can be used to normalize the sensor response. As a control experiment, the isothiocyanate-functionalized sensor without HMGB1 immobilization was used to attempt the detection of DNA under the same conditions; little to no interaction was observed, indicating an absence of non-specific binding ( Supplementary Fig. S5 )
To determine the binding affinity, sensor responses from different concentrations of DNA were analysed. Figure 2b shows the sensor responses from five different devices with respect to DNA concentration. The measured DI ds has been normalized by DI ds /g m . The sensor response shows consistent behaviour across the different devices, and DI ds /g m increases with increasing concentration of DNA. The data were fit to equation (1) (solid line in Fig. 2b) . From this fitting, we obtained the average K D of the HMGB1-DNA binding as 105+6 nM. (The fit also gives the maximum sensor response, (q A /C 0 )[B] max (¼ DV Tmax ), which is 290 mV.) Figure 2c presents the real-time sensor responses of nine different concentrations of DNA (to HMGB1). The measured current I ds was normalized by subtracting the original current before DNA exposure (I 0 ) and dividing by g m . 'Time ¼ 0' is defined as the onset of DNA addition for this and all subsequent figures. The operation time for each step was adjusted at each concentration to achieve an equilibrium state. We observed that increasing the DNA concentration from 3 to 500 nM increased the association rates. However, the dissociation rate appeared to stay the same. A long dissociation time is needed (.2,000 s), so the DNA-HMGB1 binding is rather slow. We also compared different flow speeds (from 20 to 200 ml min 21 ), but the sensor responses did not show obvious differences, indicating no mass transportation limitations. In this case, a fast mixing model can be used to simplify the two-compartment model, so equations (2a-c) can be solved analytically as first-order absorption (equation (3a)) and desorption (equation (3b)):
and V r represents small populations of bound molecule residues after analyte desorption. Equation (3) can be used to fit the real-time sensor responses of HMGB1-DNA binding. The dashed lines in Fig. 2c represent the fits. Both the association and dissociation phases can be fit well by monoexponential curves. The dissociation rate constant k 21 was directly determined by fitting only the dissociation phase. The average of k 21 was 1.59+0.06 × 10 23 s 21 . By fitting the association phase, the nine obtained values of (k 1 
were then re-plotted versus DNA concentration (Fig. 2d) . 15, 33 . Differences are probably caused by solution versus surface-bound measurements.
Biotin-streptavidin binding
To demonstrate that kinetic analysis using Si-NW FETs can be extended to a lower range of concentration, we chose the high-affinity biotin-streptavidin system. Biotin binding to streptavidin has been studied in detail, and the dissociation constant of 1 × 10 214 M is widely accepted. However, binding kinetics studies using conventional biosensors (for example, surface plasmon resonance) are not trivial due to the high association rate constant (k 1 . 1 × 10 7 M 21 s 21 ). In contrast to surface plasmon resonance, Si-NW FET sensing does not rely on the mass of the analytes, and kinetic analysis of biotin-streptavidin binding below the picomolar range is obtained in this work.
Biotin was immobilized by a NHS-PEG 4 -biotin linker (NHS-biotin, with a 2.9 nm PEG arm) using succinimidyl ester chemistry onto an amine-functionalized Si NW. After biotinylation, streptavidin was allowed to bind with biotin and the sensor responses were recorded. Figure 3a presents I ds 2V g characteristics for 2 nM streptavidin binding with biotin on the Si-NW FET, resulting in a parallel I2V curve shift to a lower voltage due to the protein's negative charge at pH 7.4 (pI ≈ 5.6), with DV T ¼ 320 mV. As a negative control, biotin-blocked streptavidin was also injected under the same conditions and no interaction was detected 10 . The kinetics was investigated in a series of time-lapse measurements for streptavidin solutions ranging in concentration from 200 fM to 2 nM. Owing to the rather slow and incomplete desorption of streptavidin, we used five different devices to measure the streptavidin association kinetics for each concentration. The normalized sensor responses (I ds -I 0 )/g m are plotted versus time in Fig. 3b . The binding kinetics show a consistent increase in the rate of association with higher concentrations of streptavidin. Above the picomolar range, the normalized sensor responses (I ds 2I 0 )/g m at equilibrium are approximately the same ( 320 mV), suggesting sensor saturation. These results are consistent with the relatively small K D of streptavidin-biotin. The sensor response at 200 fM did not saturate within our measurement time (2 h), and the binding is still in the linear regime.
We also observed that the initial binding shows a linear response with time and deviates from an exponential relationship, indicating that the sensor response is limited by mass transport. To minimize this limitation we increased the flow rate to a maximum of 300 ml min 21 (higher flow rates become impractical for long measurements, as they would exhaust the supply of the analyte); however, a mass transportation limit is still apparent in the binding curve. This is due to the fast reaction rate of streptavidinbiotin binding; streptavidin consumption at the surface is much faster than the supply from the bulk solution through diffusion and convection. Thus, in this case the analyte surface concentration [A] s is not equal to the bulk concentration [A] during binding, and the simple fast-mixing model is not valid. We therefore fit the binding data with a more general kinetic model (equations (2a-c)) in which a mass transportation rate constant is included. As no analytical solutions are known for equations (2a-c), we solved this by numerical integration. Consistencies of the fits were improved by fitting the binding curves recorded for different concentrations of streptavidin with the same kinetic parameters. The best fitting results are shown in Fig. 3b (dashed . We notice that the fit is insensitive to the dissociation rate constant (k 21 ) because of its small value. A more precise estimate of k 21 can be determined from an independent measurement of the dissociation phase only. However, the measured streptavidin dissociation rate with pure buffer is negligible; this is because desorption is also affected by mass transport, which allows the slowly dissociated streptavidin to rebind the empty biotin sites before they can escape to the solution, and no desorption will therefore be observed.
To overcome this we used a competition desorption method using a high concentration of D-biotin in solution as a competitor during streptavidin desorption 34 (Fig. 4a) . After streptavidin association, the sensor was subjected to a flow of D-biotin, and the subsequent unbinding events were measured. Figure 4b presents the kinetics of streptavidin desorption. After 4 h continuous rinsing with D-biotin, only 50% of the streptavidin desorbed, indicative of the slow dissociation of streptavidin-biotin. Because a mass transport limit can be excluded due to the high concentration of D-biotin used, the unbinding curve was fit using equation (3b). Interestingly, this shows a poor fit, with a monoexponential decay function. Instead, the unbinding curve can be fit well by an equation with two exponential terms (Fig. 4b, inset) . This is probably a result of the multivalent binding of streptavidin with biotin-there are two biotin binding pockets on each side of the streptavidin, so a more complex binding model has to be considered. A similar bi-exponential fit of streptavidin desorption has also been observed using surface plasmon resonance measurements 34, 35 . The small exponent value from the bi-exponential terms represents the slow step of the streptavidin-biotin dissociation, and from the best fit result (Fig. 4b, dashed line) close to the value obtained from the association phase. Our streptavidin-biotin binding rate constants are in good agreement with previous studies 36, 37 . The affinity equilibrium constant of streptavidinbiotin can be calculated by
Discussion and conclusions
One improvement to the binding kinetics studies would be to modify the receptor surface density to minimize the mass transport limit. From equations (2a-c), as the receptor density on the sensor surface is increased, the binding reaction at the sensor surface speeds up and the binding kinetics become more affected by analyte transport. In the other limit, as receptor density is reduced, transport effects decrease and the binding data become strongly dependent on the reaction rate constants. However, this will reduce the sensor response. Research is ongoing to optimize the surface receptor densities and study their effects on binding kinetics. Another consideration is the effect of device geometry on the affinity and kinetics parameters. In this work, we use siliconnanoribbon-type biosensors; it will be interesting to compare the affinities and kinetics measurements from smaller wires, especially one-dimensional nanowires that have a similar size to the analyte molecules.
We have performed a comprehensive study of Si-NW FET biosensors and successfully demonstrated their use as affinity biosensors in the quantification of protein binding affinities and kinetics. A calibration method has been presented to reduce the device-to-device variation in the sensor response. Based on the sensing mechanism, an analytical model has been developed that provides a precise and clear description of the processes involved in protein-ligand interactions on silicon nanowires. The Si-NW FETs, combined with the analytical model, have successfully analysed binding in both the association and dissociation phases. The resulting binding affinities and rate constants are comparable to the values provided in the literature. These results indicate that the Si-NW FET can be used as a powerful tool for real-time, in situ detection of protein adsorption and desorption without labelling, and with sensitivity into the femtomolar range.
The approach presented here can be used broadly in fundamental research of protein-ligand and protein-protein interactions and in quantifying their binding affinities and kinetics. It can also provide a high-throughput tool through the integration of arrays of nanowires within the same chip, which is important in disease diagnosis, genetic screening and drug discovery. We believe that this approach will bring nanoscale FET sensor technology a step closer to commercial applications.
Methods
Si-NW FET biosensor fabrication. The devices were fabricated from 4-inch silicon on insulator (SOI) wafers (Soitec). The silicon active layer (p-type doping, 1 × 10 15 cm
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) was thinned to 45 nm by thermal oxidation and silicon oxide was removed by wet etching (BOE Etch). The source and drain regions, as well as the back-gate, were patterned by contact lithography and doped by BF 2 þ implantation. Following dopant activation in a furnace at 1,000 8C, the nanoribbon mesas were defined by optical lithography and transferred to the active layer (that is, etched into the top silicon layer; Supplementary Fig. S2b ) using a Cl 2 inductively coupled plasma etch (Oxford 100). The fabricated silicon wire had a typical active layer thickness of 45 nm, and width and length of 1 mm and 10 mm, respectively. A 20-nm-thick layer of silicon oxide was grown over the wafer using dry oxidation in a chemical vapour deposition (CVD) furnace. The devices were then metallized by evaporation of titanium/aluminium followed by a lift-off process. A second metallization step was carried out for the solution-gate electrode by evaporating titanium/platinum then patterning by lift-off. The metal contacts were annealed in a rapid thermal processor at 450 8C for 1 min and devices were measured to ensure ohmic contacts. The final step was to passivate the devices with a 1 mm layer of SU8 photoresist with lithographically patterned openings at the top of the devices, contact pads and the solution-gate electrode. The wafer was then hard-baked at 130 8C for 20 min.
Device functionalization. The Si-NW oxide surfaces were cleaned with ultraviolet ozone for 5 min before functionalization. 3-Aminopropyltriethoxysilane (APTS) was then allowed to evaporate onto the SiO 2 surface by gas-phase deposition for 5 h. The devices were then baked in a vacuum oven for 30 min at 120 8C.
General sensing set-up. The functionalized dies were packaged using 16-pin ceramic headers (Spectrum Semiconductor Materials). The fluid delivery system was then mounted on top of the dies. The mixing cells were created by epoxying thinwalled, 2-mm-diameter polytetrafluoroethylene (PTFE, also known as Teflon) tubing to the chip surface and by inserting thinner tubing (0.5 mm) to serve as the fluid supply and return. Multiplexed I-V and d.c. time measurements were carried out using a custom-made system with a National Instruments Data Acquisition Card and Keithley 2636 Dual Source Measure Unit. For all measurements, I ds was measured at 0.5 s intervals while V ds and V g were held constant; V ds was set to 0.1 V and V g was determined from I d -V g measurement before sensing. The active region of all devices used for sensing experiments was 10 mm in length and 1 mm in width. HEPES buffer (1 mM, pH 7.4, ionic strength ¼ 1 mM) was used throughout our experiments. For studies involving analyte addition, 'time ¼ 0' was defined as the onset of protein/DNA addition. In all plots the initial sensor equilibration time is not shown.
Analysis cycle. A typical binding cycle observed with our biosensor is shown in Fig. 1b . After receptor immobilization, analyte solution was passed over the receptor. The surface charges induced by analyte binding led to a change in the measured current (I ds ). Analysis of this part of the binding curve gave the association rate. After equilibrium, the analyte solution was replaced by buffer and the receptoranalyte complex was allowed to dissociate. Analysis of these data gives the dissociation rate constant for the interaction. After unbinding, a regeneration step was introduced to totally remove the absorbed molecules and regenerate the free receptor on the silicon surface. The entire binding cycle was repeated several times at varying concentrations of analyte to generate a robust data set for affinity and kinetics analysis.
DNA sensing. Transformation of the amino-functionalized device to an isothiocyanate-bearing layer was accomplished by exposure to a 0.01 M solution of 1,4-phenylene diisothiocyanate (PDC) in ethanol at 40 8C for 1 h, followed by rinsing with copious amounts of ethanol and water. HMGB1 was then immobilized for 30 min in MES buffer (pH 5.6). The sensor was washed with buffer to remove the physically absorbed HMGB1 (Supplementary Fig. S3 ). DNA solutions were injected at 30 ml min
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. After DNA adsorption and desorption, the sensor was regenerated with 1 M NaCl (5 min) and replaced by buffer before the next injection. To facilitate sensor regeneration, we started with the lowest concentration of DNA (3 nM) and increased it to 500 nM.
Biotin-streptavidin sensing. Sensor surface biotinylation was performed with EZ-Link NHS-PEG 4 -biotin at pH 7.4 for 1 h on the amine-functionalized Si-NW. After rinsing with buffer, streptavidin was injected at 300 ml min 21 and sensor responses were recorded. For streptavidin desorption, 1 mM D-biotin in HEPES was used with a flow rate of 30 ml min 21 .
